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Abstract: Selective retinal therapy (SRT) employs a micro-second short-pulse lasers to induce
localized destruction of the targeted retinal structures with a pulse duration and power aimed
at minimal damage to other healthy retinal cells. SRT has demonstrated a great promise in the
treatment of retinal diseases, but pulse energy thresholds for effective SRT procedures should
be determined precisely and in real time, as the thresholds could vary with disease status and
patients. In this study, we present the use of a multi-port fiber-based interferometer (MFI) for
highly sensitive real-time SRT monitoring. We exploit distinct phase differences among the fiber
ports in the MFI to quantitatively measure localized fluctuations of complex-valued information
during the SRT procedure. We evaluate several metrics that can be computed from the full
complex-valued information and demonstrate that the complex contour integration is highly
sensitive and most correlative to pulse energies, acoustic outputs, and cell deaths. The validity of
our method was demonstrated on excised porcine retinas, with a sensitivity and specificity of
0.92 and 0.88, respectively, as compared with the results from a cell viability assay.

© 2021 Optical Society of America under the terms of the OSA Open Access Publishing Agreement

1. Introduction

The retina is a multilayered structure of nerve tissue composed of a plexiform layer, photoreceptor
layer (PRL), and retinal pigment epithelium (RPE). The RPE, located in the outermost part of the
retina, is responsible for PRL homeostasis by phagocytizing worn-out photoreceptor disks and
supplying nutrients or oxygen to the PRL [1,2]. With the progress of diabetes or aging, the number
of dysfunctional RPE cells with metabolic fatty end-products increases [3,4]. Clinical studies
have reported that this RPE malfunction plays a significant role in the development of common
retinal disorders, such as diabetic macular edema (DME), age-related macular degeneration
(AMD), and central serous retinopathy (CSR) [5–7].

Laser photocoagulation (LPC) has been regarded as the standard treatment method for these
pathologies because of its intravitreal injection-free operation and selectivity [8,9]. LPC employs
focused light with an exposure time of 50-200 milliseconds to induce photothermal necrosis
of target tissue. It has proven its efficacy in the treatment of DME, CSR, and other retinal
pathologies [10–13]. Among its various applications, LPC-based RPE regeneration has been
extensively explored [14,15]. Similar to other epithelia, RPE cells can regenerate and proliferate,
eventually being fully recovered [16,17]. Yet, considering that LPC can cause irreversible and
permanent damage on healthy retinal cells and result in scotomata, reduced night vision, or
unrecoverable central vision loss, therapeutic strategies capable of confining the photothermal
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denaturation to RPE cells only would be highly desired for pathologies such as DME or CSR
[18–20].

Selective retina therapy (SRT) with a pulse duration close to or shorter than the thermal
relaxation time of RPE (µs-regime) has thus been suggested [21,22]. SRT targets melanosomes
in RPE cells that absorb green light approximately seven times more than other retinal cells
[23]. Focused illumination with a pulsed laser with a duration in the microsecond regime
successfully restricts photothermal effect to RPE cells [22,24], and therefore can selectively
necrotize targeted RPE cells, while reducing thermal dissipation and unintentional damage to the
surrounding structures such as the PRL. The laser pulses with a pulse duration in the microsecond
or sub-microsecond regime induce the formation of microbubbles in pigmented cells only, and the
intracellular microbubbles then disrupt the cellular membrane by their growth and coalescence,
leading to cell necrosis [25–28]. Various preclinical and clinical studies have demonstrated the
potential of SRT for the treatment for DME and CSR [29–31].

In order to achieve reliable procedures and favorable prognosis of SRT, precise control of the
SRT laser dose is essential [22,24,32]. The combination of ophthalmoscopy and fluorescein
angiography (FA) has conventionally been employed to evaluate SRT outcomes, i.e, pulse-induced
RPE damage [32–35]. The white burn mark of coagulated surrounding proteins has been used
as an indicator of RPE damage, but may have been the result of an overdose of pulse energy,
possibly impairing nearby cells. FA can validate membrane disruption, but it is only applicable
at least 2 hours after SRT treatment [36]. Based on the high correlation between cell death
and microbubble formation in RPE cells, several recent studies have demonstrated the use of
photoacoustic (PA) detection for SRT dosimetry [24,37]. An ultrasonic transducer (UT) coupled
with a contact lens was adopted to detect the PA pressure waves generated during SRT treatment.
The method requires a physical contact to a cornea for sensitive PA detection, and demonstrated
high sensitivity and correlation with RPE cell death.

Various optical techniques have been developed to realize non-contact SRT monitoring.
Optical coherence tomography (OCT) has been employed to measure laser-induced modulation
of tissue scattering properties after pulse irradiation [38–40]. Fluctuation in A-line intensity
suggests microstructural change and vibration of tissue after the SRT pulse illumination.
Optical reflectometric schemes have also been presented as non-contact optical detectors. They
measure the intensity fluctuation of SRT pulsed laser due to the microbubble formations
during SRT procedure [41,42]. Both OCT and optical reflectometry have demonstrated their
prominent performance with high sensitivity to the laser-induced photothermal dynamics
[40,42]. Furthermore, their feasibility in pre-clinical and clinical environments has been proved
[31,40,42–44]. Conventional OCT systems, however, with an A-line rate of tens of kHz may not
sufficiently resolve the laser-induced cavitation dynamics with a frequency range of several MHz
[39,40,45]. In the case of optical reflectometry, the measurement time is set by the pulse duration
of the SRT treatment laser itself, which is generally about several microseconds. Given that SRT
pulse-induced cavitation and subsequent tissue modulations exhibit a lifetime longer than 10
µs [27,46], it would be beneficial to use a separate light source for SRT monitoring, thereby
extending the measurement time.

In this study, we describe a novel SRT detection scheme based on a multi-port fiber-based
interferometer (MFI) operating with a separate probe light source. The method uses distinct
phase differences among the fiber ports in the MFI to quantitatively measure fluctuations of
complex-valued information due to tissue deformation and cavitation dynamics. The MFI allows
for the access of full complex-valued information, which enables evaluation of various metrics
that are highly sensitive and correlative to SRT-induced cell deaths. Moreover, the extended
measurement time, enabled by the use of a separate light source, allows for the detection of
various dynamic signatures with longer time scales (and thus high frequency resolution) during
and after the treatment pulse. We present the MFI-based experimental setup and analysis of
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various metrics developed to correlate with SRT outcomes. The viability of our method was
demonstrated through experiments utilizing excised porcine retinal tissues.

2. Setup and methods

2.1. Experimental setup

Figure 1(a) depicts a schematic of the MFI-based SRT monitoring setup. We employed a
3 × 3 fiber-optic coupler (SS85AV0303C3211, AC Photonics, USA) to build an MFI-based
interferometer, but any multi-port fiber coupler can be used as long as the number of ports at
one side exceeds two. A 825-nm single-mode fiber-coupled laser diode (LP830-SF30, Thorlabs,
USA) was used as the probe and it was coupled to an optical circulator (VCIR-3-827-S-L-10-FA,
Ascentta, USA). The probe light was then directed to the 3 × 3 fiber-optic coupler. The power
stability of the laser source was measured to be <2%, and the coherence length of the probe light
was measured to be 150 µm in air. We also quantified the fluctuation of the power spectrum of the
probe laser, and determined that the fluctuation was smaller than 2% over its spectral bandwidth.
The reference and sample arms were implemented in the output ports P4 and P5 of the coupler,
respectively, and the P6 port was not used (Fig. 1).

Fig. 1. (a) A schematic of MFI-based SRT monitoring setup based on a 3 × 3 fiber-optic
coupler, APD1-3: avalanche photodiodes, PC: polarization controller, LP: long-pass filter,
M: mirror, DM: dichroic mirror, GV: galvanometric beam scanner, FL: focusing lens, UT:
ultrasound transducer. (b) Timing diagram for MFI signal acquisition. τrep: 10 ms, τc: 1.7
µs, τp: 30 µs, Tc: 800 µs, Tp: 790 µs, : 795 µs, Tm: 5 ms. (c) Spatial intensity map of the
treatment laser beam measured in the sample plane. The beam diameter was measured to be
163 µm. The scale bar denotes 50 µm.

In the reference arm, we placed a mirror in the focal plane of a focusing lens (AC254-030-B-ML,
Thorlabs, USA), and its position was finely tuned via a manual linear stage (M-423/M, Newport,
USA) until the back-reflected light intensity measured at a detection port of the fiber coupler was
maximized. In the sample arm, a 527 nm treatment beam from a frequency-doubled ND:YLF
laser-based SRT system (Lutronic, Goyang, South Korea) was guided to the MFI system via
an optical fiber with a core diameter of 50 µm. The beam was collimated with a collimator
with a focal length of 10 mm, and was combined with the probe light through a dichroic mirror
(AT565DC, Chroma, USA). The treatment laser was triggered by a manual footswitch and
operated at a pulse duration of 1.7 µs (τc = 1.7 µs), a repetition rate of 100 Hz (τrep = 10 ms), and
as a pulse train of 15 pulses. Each pulse train was operated in energy ramping mode. In the
energy ramping mode, the maximum pulse energy could be set by a user and the pulse energy
linearly increased from 50% of maximum energy in step of 3.57% of the maximum energy. The
minimum and maximum pulse energies employed in this study were 15µJ and 160 µJ, respectively.
The co-axially aligned probe and treatment light were then reflected by a galvanometric mirror
scanner (GVS002, Thorlabs, USA) and focused onto a specimen via an achromatic focusing
lens (AC254-030-B-ML, Thorlabs, USA). We employed the focusing lens with a focal length of
30 mm and a numerical aperture of 0.39, to match the imaging condition of the human eye. An
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eye chamber was filled with a saline solution (0.9% NaCl, Cleancle, South Korea). The retina
specimen was precisely positioned in the focal plane of the focusing lens via a motorized linear
stage (PT1-Z8, Thorlabs, USA) until the path-length of the sample relative to the reference mirror
was matched by monitoring the magnitude and contrast of the interference signal. The distal tip
of the optical fiber from the SRT instrument was imaged onto the specimen plane. To measure
the beam profile, we acquired the image of the beam with a monochromatic camera with a pixel
size of 5.5 µm (Lt225M, 2048×1088 pixels, Lumenera, Canada). The beam profile featured
a top-hat response with a smooth edge (Fig. 1(c)). We then obtained a binary map from the
measured beam intensity image by applying a mask that thresholds and selects the pixels above
the maximum noise level. The maximum noise level was estimated from the image acquired
without the SRT beam irradiation. The average diameter of the beam profile was found to be
163 µm. The intensity variation of the SRT treatment beam may occur due to speckle formation.
We measured the intensity of SRT beams at 15 different locations in the specimen plane and
found the variation to be <7.6%. The spatial intensity variation in a single SRT beam due to
speckle was also examined for 25 beam spots, yielding a 2.33 peak-to-mean ratio on average
(Fig. 1(c)). We defined this quantity as the intensity modulation factor (IMF). The probe beam
featured a Gaussian intensity distribution with a 1/e2 diameter of 83 µm in the sample plane.
The axial Rayleigh range for the probe beam was estimated to be 6.6 mm. The optical power of
the probe beam irradiated on the sample was set to 2.5 mW, which is below the ANSI standard
safety limit of 17.1 mW for the human eye with a duration shorter than 30 µs [47]. Note that
the use of shorter illumination time allows for light illumination with a higher power, which
increases signal to noise ratio, while still being below the ANSI standard safety limit.

Three avalanche photodetectors (APD1-3, APD120A/M, Thorlabs, USA) were used to acquire
the interference signals in the three detection arms. We inserted two long-pass filters (AT575lp,
Chroma, USA) in the detection path to prevent any leakage of the treatment beam into the detector.
No leakage of the treatment light was measured in the detection ports even with a mirror placed
in the sample plane. We also installed an ultrasound transducer (UT, V384-SU, Olympus) with a
central frequency of 3.5 MHz in the eye chamber to simultaneously measure PA waves during
SRT procedures. In Fig. 1(b), a timing diagram for the SRT monitoring system is depicted. Upon
foot-based initial activation, the SRT treatment laser system generated a transistor-transistor
logic (TTL) pulse and emitted a light pulse with a time delay of 800 µs (Tc = 800 µs). We
directed the TTL pulse to a function generator (33422A, Keysight Technologies, USA) to
produce a pulse to synchronously trigger a laser driver controller (LDTC0520, Teamwavelength,
USA) for the probe laser and data acquisition with delays of 790 µs (Tp = 790 µs) and 795 µs
(Ta = 795 µs), respectively. The signal outputs from the APDs and UT were then collected by
two digitizers (ATS9350, Alazar Technologies, Canada) at a sampling rate of 100 MHz. After
data acquisition, a DAQ device (PCIe6353, National Instrument, USA) was triggered to control
the galvanometric beam scanners to move the laser beams to different location between the light
pulses (Tm = 5 ms). The data acquisition and operation of galvanometric beam scanner were
controlled by custom-written scripts implemented in MATLAB (R2020a, Mathworks, USA).

2.2. Optical quadrature detection based on a 3×3 fiber-optic interferometer

Under ideal assumptions, such as equivalent energy transfer and no energy loss of a 3 × 3
fiber-optic coupler, it has been shown that there is an intrinsic phase difference (IPD) of 2π/3
between any pair of interference signals from different ports [48]. The IPD in a MFI can be readily
derived from the conservation of energy. Some studies exploited this IPD to achieve optical
quadrature detection [49–51]. For example, Ref. [50] reported on in vivo PA imaging based on a
MFI, assuming equal power splitting ratios and negligible change in sample reflectivity.

In our case, the pulse-induced changes in the scattering properties and wavefront modulation
of the backscattered probe light would result in a radical fluctuation in the sample reflectivity.
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Therefore, we took the sample reflectivity into account to achieve accurate detection of complex
information of back scattered light from a sample. Because the MFI is a homodyne interferometer,
the interference signal measured at detection port Pn (In) can be expressed as follows [48]:

In = I0

[︂
α14α4n + α15α5nR + 2

√
α14α4nα15α5n

√
Rcosφn

]︂
(1)

with φn = ϕs + ϕn (n=1,2,3). Here, φn represents the phase of the interferometric signal detected
at Pn, which is the sum of the phase fluctuation due to the sample response to the pulse irradiation
(ϕs), and the phase shift produced by port-to-port transition at Pn (ϕn). In Eq. (1), I0 is the
intensity of the probe laser, R is the sample reflectivity, and αmn is the energy transfer efficiency
from the fiber port m to port n. αmn can be obtained experimentally by connecting a light source
to port m and measuring the output intensity at port n. The systematic constants based on the
measured splitting ratios are presented in Table 1. One can note that the differences between
constants, α14α4n and α15α5n are smaller than < 1.5% for all the detection ports. Therefore,
we assumed that α2 ≈ α14α4n ≈ α15α5n (for n= 1, 2, and 3). Assuming the equal energy
transfer efficiency between the ports, the IPD between port Pn and Pm (∆ϕnm = ϕn − ϕm) can be
approximated to be 2π/3, and then, one can obtain:

Table 1. Experimentally measured constants for our MFI setup

Detector α14α4n α15α5n
√
α14α4nα15α5n

1 0.1197 0.1176 0.2373

2 0.1148 0.1140 0.2227

3 0.1090 0.1155 0.2244

2I1 − I2 − I3 = 6α2 Re (Z)

I3 − I2 = 2
√

3α2 Im(Z)
(2)

where the complex-valued information Z is given as:

Z =
[︂
I0
√

R
]︂

ejφs . (3)

The phase of Z (ϕs) can then be obtained as:

ϕs = tan−1

[︄ √
3 (I3 − I2)

2I1 − I2 − I3

]︄
. (4)

Note that the derivation of Eq. (2–4) is similar to that described in Ref. [50].
To validate quadrature detection capability of our MFI, we performed the experiment as done

in Ref. [48] to measure the IPDs. A mirror was placed in the sample arm, and the interference
signals were measured while scanning the reference mirror at a constant velocity of 2.6 mm/s
with a motorized linear actuator (Z825B, Thorlabs, USA). We measured sinusoidal intensity
oscillations at all the detection ports and quantified the phase differences among the signals,
yielding ∆ϕ12 = 120° and ∆ϕ23 = 118° (Fig. 2(a)). Based on the Eq. (2)-(4), the amplitude and
the phase of the complex information Z were also retrieved (Fig. 2(b)). While the amplitude was
constant with less than 2.9% variation during the mirror scan, the unwrapped phase exhibited
a linear behavior as the reference mirror moved at the constant velocity. The experimentally
acquired Doppler shift was 6.10 kHz, which was close to the estimated value of 6.12 kHz.
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Fig. 2. (a) Measured interferometric signals at the three detection ports, while scanning the
reference mirror at a constant velocity of 2.6 mm/s. (b) Retrieved magnitude(|Z |) and phase
(ϕs).

2.3. Sample preparation and LIVE/DEAD assay

Pig eyes were collected from a local slaughterhouse within 6 hours after enucleation. The anterior
segment of the globe and the vitreous body were removed, and the upper retinal layers containing
fibrosis and neural retinal layer were carefully peeled off for direct access to RPE cells. The
RPE-choroid-sclera segments were then positioned in an eye chamber filled with saline solution.
They were then irradiated by the SRT treatment light with various pulse energies with values
ranging from 15 to 100 µJ in the ramping mode.

After SRT treatment, cell viability was tested using the LIVE/DEAD Viability/Cytotoxicity
Kit L3224 (Invitrogen, Paisley, UK). 2 µM of Calcein-AM and 4 µM of ethidium homodimer
(EthD-1) were added to the RPE tissue samples and incubated for 20 minutes at room temperature.
A fluorescence microscope (ECIPSE Ni-U, Nikon, Tokyo, Japan) equipped with a charge-coupled
device camera (DS-Q1Mc, Nikon) was used to visualize live and dead cells stained in green and
red, respectively.

Fluorescence images with RPE-unique honeycomb structures were selected for assessment of
cell viability. According to the LIVE/DEAD assessment, the dataset consisted of 195 lesions
from 13 different porcine eyeballs, including 121 positive and 74 negative.

3. Result

3.1. Quadrature detection of SRT response

Figure 3(a) shows a representative fluorescence image of retinal tissue after the SRT procedure in
ramping mode (the pulse energy ranged from 50 µJ to 100 µJ). The damaged cells are visible
in red. It can be seen from Fig. 3(a) that the damage radius increases with the applied pulse
energy. This may be accounted for by a smooth edge profile of the SRT treatment beam. The
complex-valued information from Eq. (3) was presented in a complex-time space for 20 µs
(Fig. 3(b)). One can see that the Z was stable when there had been no SRT pulse irradiation,
but fluctuated strongly after the pulse irradiation. This response may arise from photo-elastic
shock waves and creation and collapse of microbubble clouds. The responses from the higher
energy pulses exhibited more dramatic modulation in both amplitude and phase, which can be
inferred from the large variations in rotational angle and length of the measured complex vector,
respectively.

3.2. Evaluation of various metrics for SRT monitoring

Based on the measured complex information (Z), we evaluated several metrics to find the most
sensitive and correlative one with applied pulse energies, UT outputs, and RPE cell deaths.
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Fig. 3. (a) A representative fluorescence image of a retinal tissue after irradiation with an
SRT pulse train in ramp mode (50-100 µJ). The applied pulse energy is presented proximal
to each irradiated spot. The dead cells due to the application of the SRT laser pulse are
visualized in red. (b) 3D perspective of the measured interference signals with no pulse
irradiation (black), and after pulse irradiations with energies of 50 µJ (orange dot) and 100
µJ (blue dashed line). For clear visual comparison, the data with non-pulse and 50 µJ pulse
irradiation were shifted by 1.5 and 3 in the real axis, respectively.

The first two metrics considered the magnitude (|Z |) and real part (Re(Z)) of the complex
signal Z, which are utilized in conventional SRT monitors based on reflectometry [41,42] and
low-coherence interferometry [27]. The two signals, |Z | and Re(Z), were acquired for 30 µs at
different locations on the retina. The signals were then Fourier-transformed and their magnitudes
were summed in the frequency range of 0.1–20 MHz. This frequency range for integration was
determined based on previous reports that the SRT-induced acoustic waves have a frequency
range of 0.1–20 MHz [27,33,46]. The mathematical definitions for the two metrics can be written
as follows:

Ŝ(|Z |) =
∫ fmax

fmin

|F̃(|Z |)|df

Ŝ(Re(Z)) =
∫ fmax

fmin

|F̃(Re(Z))|df
(5)

where F̃ represents the Fourier transform operator and fmin and fmax define the frequency range
for integration (fmin = 0.1 MHz and fmax=20 MHz in our case). The last metric evaluated was the
complex contour integration (CCI) in the complex plane. As can be seen in Fig. 3, the complex
vector Z undergoes rapid spiral motion in time, and its motion is more pronounced at higher
pulse energies. Therefore, we considered the total trajectory length as a quantitative measure
for the SRT results. In general, the phase offers higher sensitivity to a small perturbation of
scattering surface than the amplitude, but it is more susceptible to noise, especially for signals
with low SNRs. CCI is an effective and robust measure in the sense that it takes the modulation
in the phase and magnitude of the complex signals into account, while minimizing the effect of
the noise from the low-SNR signals. That is, the contour length of the complex signals with low
SNR will be smaller and contribute less to the total contour length than that of the high-SNR
signals. CCI is defined as

CCI =
∑︂N−1

n=0
| Z [(n + 1)∆t] − Z [(n)∆t] | (6)

where ∆t is the time interval between two adjacent data points, and N is the total number of
sampling points within measurement time (30 µs in our case) for a given Z.
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3.3. SRT monitoring metrics versus SRT pulse energies and UT outputs

Having defined the metrics, we examined the dependence of each metric on the applied SRT
pulse energies. A total of 195 interference signals were acquired at different locations on 13
porcine retinal specimens. We controlled a galvanometric beam scanner to move and illuminate
a focused treatment laser pulse with different pulse energy in the range of 15 to 160 µJ. Figure 4
presents the metrics as a function of the applied pulse energy. Noise-equivalent SRT metrics
were evaluated by computing the SRT metrics for the complex-valued information measured
for 30 µs without SRT irradiation. The results were 209.33 for Ŝ(|Z|), 126.49 for Ŝ(Re(Z)), and
35.55 for CCI. The noise levels are presented in grey areas in Fig. 4. The black dotted lines are
linear regression fits to the measured results. The correlation coefficients were found to be 0.54
for Ŝ(|Z |), 0.60 for Ŝ(Re(Z)), and 0.87 for CCI, suggesting that CCI is the most sensitive and
correlative one with pulse energies among the metrics considered.

Fig. 4. Pearson correlation analysis with irradiated pulse energies and the SRT metrics.
Black dotted lines represent linear fits. Pearson correlation coefficients (r) and R-square
values are presented in insets. The shaded area in grey denote noise-equivalent SRT metrics.

One can see that CCI varied linearly at low pulse energies with a high sensitivity, but plateaued
at higher pulse energies. We experimentally observed that the Z underwent a rapid spiral
modulation in the complex plane as the pulse energy increased. However, with the pulse energies
above 80 µJ, Z often rotated more than 2π (i.e., its phase is wrapped) at a certain instant, and the
resultant CCI, which is the sum of the magnitudes of vector difference between two consecutive
Zs, could not capture such large variations. In addition, the formation of microbubbles could
hinder the back-scattered light to be measured, and the magnitudes of the complex vectors could
thus be attenuated [45,52,53].

An UT has been extensively utilized in various clinical studies for SRT monitoring because
of its high sensitivity and precision for RPE cell necrosis [24,31,37]. In order to validate our
MFI-based metrics for SRT monitoring, we compared the results of our analysis against UT
outputs. The UT signals (VUT ) acquired for 30 µs after a pulse irradiation were applied to the
same signal analysis as with |Z | and Re(Z); the measured UT signals were Fourier transformed,
and its magnitudes were summed in the frequency range of 0.1–20 MHz to obtain UT output
(Ŝ(VUT )): ˆ︁S(VUT ) =

∫ fmax

fmin

|˜︁F (VUT ) | df (7)

It can be noted that the measured UT output corresponded well to the applied pulse energies
(Fig. 5). The UT output exhibited a low sensitivity in the low pulse energies but its sensitivity
increased for the pulse energies above ∼40 µJ. This indeed agrees to the observations in previous
publications [54,55], and is different from those of our metrics in that our metrics exhibit high
sensitivities in the low pulse energies, and the sensitivities become smaller in the high pulse
energies (see Fig. 4). We further examined the correspondences of our metrics to the UT output
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(Ŝ(VUT )) (Fig. 6). One can note that CCI exhibited the highest correlation with the Ŝ(VUT )

(r= 0.88) among all the three metrics.

Fig. 5. Ŝ(VUT) as a function of the irradiated SRT pulse energy Pearson correlation
coefficient (r) and R-square value are presented.

Fig. 6. Pearson correlation analysis with Ŝ(VUT) and the SRT metrics. Black dotted lines
represent linear fits.

3.4. SRT metrics versus RPE cell deaths

A high correlation of a SRT metric with the applied pulse energies and Ŝ(VUT ) may suggest
its potential as a reliable SRT monitor. However, the higher correlation does not necessarily
guarantee its high sensitivity and specificity for SRT-induced RPE cell damage. In order to
assess the sensitivity and specificity, we performed receiver operating characteristic (ROC) curve
analyses for the considered SRT metrics (Fig. 7). A total of 195 SRT-treated retinal lesions were
examined through the LIVE/DEAD assay. In Fig. 7, among the considered SRT metrics, CCI
exhibits a detection performance similar to Ŝ(VUT ) with the highest area under the curve (AUC)
value of 0.96. To compare the performances of each SRT metric, cut-off point (CP) for each
SRT metric was set (Fig. 8). The CP was set to be the maximum Youden Index (J-index) that
equally weights both selectivity and sensitivity [56]. Evaluated classification performances of
each metric are shown in Table 2. CCI classified cell necrosis with an accuracy of 0.90, whereas
the accuracies for Ŝ(|Z |), Ŝ(Re(Z)), and Ŝ(VUT ) were found to be 0.86, 0.86, and 0.90, respectively.
In Table 2, other statistical values are presented in detail.

For automatic SRT dose control with energy ramping mode, clinicians may pre-set a threshold
for a SRT metric to automatically stop the pulse train, when the output from the SRT metric
exceeds the threshold [42,44]. For example, Seifert et al. [42] proposed an automated feedback
control of SRT by measuring the backscattered light of the therapeutic pulsed laser, and using
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Fig. 7. Receiver operating characteristic (ROC) curve analysis for SRT metrics. The live
and dead cells were enumerated from the fluorescence images of the retina tissues after SRT
pulse irradiation.

Fig. 8. (a)–(d) Classification results for 195 SRT retina lesions using the SRT metrics. The
live and dead cells were enumerated with the fluorescence images after LIVE/DEAD assay.
The dashed red lines denote the cut-off point (CP) acquired from the ROC curve analysis for
each metric.

Table 2. Performance comparison of SRT metrics based on the set cut-off point.

Accuracy Sensitivity(=recall) Specificity Precision F1-score

Ŝ( |Z |) 0.86 0.85 0.88 0.92 0.88

Ŝ(Re(Z)) 0.86 0.83 0.90 0.93 0.88

CCI 0.90 0.92 0.88 0.93 0.92

Ŝ(VUT ) 0.90 0.95 0.82 0.90 0.92

the threshold twice as large as the CP optimized for J-index, false positives could be eliminated,
while sensitivity was obtained as 0.88. In our case, we found that using the threshold of 1.25
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times higher than the cut-off point optimized for J-index, only five false positives were found
while the sensitivity stayed in a reasonable range (0.82). Further pre-clinical and clinical studies
with MFI will be able to suggest an optimal threshold for automatic SRT dose control.

4. Discussion and conclusion

We presented a novel application of MFI for highly sensitive and precise SRT monitoring.
Based on the distinct phase differences among the MFI fiber ports, the full complex-valued
interferometric signal can be quantitatively measured. We acquired time-lapse fluctuations of the
complex-valued information during SRT pulse irradiation and computed various SRT metrics to
obtain one of the highest correlations with pulse energies, Ŝ(VUT ), and RPE cell death. Among
the metrics evaluated, we found that CCI exhibited the highest correlation with pulse energies,
Ŝ(VUT ), and RPE cell death.

Several optical dosimeters have been suggested previously. Neumann et al. [27], for instance,
described a SRT dosimeter based on a Michelson interferometer. The method employed a separate
light source for dosimetry, and measured the fluctuation of the real part of the interference
signal upon SRT irradiation. The method computed a signal energy in a certain time window,
and demonstrated its classification performance with less than 10% false negative or positive
detection on excised porcine retina samples. In our case, we exploited a MFI to obtain both
intensity and phase information based on the intrinsic phase difference in the MFI fiber ports.
The full complex-valued information was then utilized to compute CCI, which is found to be
more sensitive than other metrics based on the back-scattered intensity and real part of the
interferometric signal.

Seifert et al. [42] also presented a simple reflectometric detection and algorithm for real-time
SRT monitoring. It utilized the SRT treatment laser itself as the probe light source to determine
if microbubbles were formed during irradiation, and demonstrated a sensitivity and specificity of
1 and 0.93, as compared with FA analysis. Our MFI-based detector uses a separate light source,
and thus allows for the detection of various dynamics with longer timescales, which includes
both cavitation dynamics and tissue deformation during and after the treatment pulse. Note that
the pulse duration of SRT treatment laser is only 1.7 µs, whereas in our case the measurement
time was 30 µs.

OCT-based dosimeters have been demonstrated as a viable SRT dosimeter. For a given
M-mode OCT dataset, various signal processing schemes based on reflectivity and speckle
variance have been developed to evaluate the SRT results [38,40,57]. Previous studies revealed
that OCT measures thermal tissue vibration after SRT laser pulse irradiation, which may result
from micro-cavitation as well, though its life time is much shorter than the OCT acquisition
time [24,25,39,40]. Our method, on the other hand, exhibits a large detection bandwidth (3 dB
bandwidth= 50 MHz), and therefore can directly measure fluctuations associated with cavitation
dynamics, which exhibit a frequency range of several MHz. Recent developments in high-speed
OCT systems based on, for example, Fourier domain mode-locked lasers with a sweep rate of
∼100 MHz, may allow for OCT-based SRT monitoring with a larger detection bandwidth [58].
However, its implementation is costly and complicated.

We analyzed the dichotomous experimental data, i.e., 0 for living tissue and 1 for the dead
lesion, obtained from the LIVE/DEAD assay for each applied pulse energy. A standard probit
analysis [59] was carried out with a statistics program (SPSS statistics 26, IBM, USA), and the
energy threshold for ED50 was 38.3 µJ, which corresponds to a mean radiant exposure of 183
mJ/cm2 within measured beam area. The peak radiant exposure was 427.7 mJ/cm2, taking the
IMF (i.e., 2.33) into account [60]. For accurate SRT dose monitor, it is important to set the
optimal beam spot sizes for the probe beam. If the number of RPE cells in the probe area is
much smaller than the number of cells in the treatment beam spot, the measurement would not
accurately reflect the SRT treatment process, which results in false negatives. Moreover, because
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of the small number of RPE cells contributing to the signal, the sensitivity would also decrease.
The use of the treatment and probe beams with the similar beam profiles and sizes would thus be
desired.

To facilitate translation of our method into clinics, further improvements should be made in
terms of its implementation and operation. We employed an interferometric setup with separate
reference and sample arms which may be vulnerable to external noises such as temperature,
vibration, and other sources of mechanical noise. In our setup, SRT treatment and probe beams
were co-axially aligned and focused on the same location on the RPE layer. Moreover, the SRT
pulse duration is shorter than the thermal diffusion time of RPE layer (∼100 µs) [61]. Therefore,
it is anticipated that temporal fluctuations of the complex-valued information would result largely
from RPE cells being irradiated by the SRT laser. Nonetheless, MFI dosimetry with a light
source with a short coherence length would further improve depth selectivity. In doing so, the
interferometric signal is coherence-gated, thereby mitigating the noise from other retinal layers.
On the other hand, MFI is very sensitive to relative displacement and tilt between the MFI-based
optical setup and subject eye. Eye tracking systems can be utilized to initially position SRT
treatment and probe beams on the targeted RPE cells, and our MFI dosimeter then measures
rapid signal fluctuation during SRT procedures. Given the frequency range of bulk motions,
drifts and tremor (< 200 Hz) [40,62–64], it is expected that such noise would not influence the
high-frequency dosimetric signal being measured in the frequency range of 0.1–20 MHz.

It should be noted that the SRT instrument used in this study to deliver laser light to the sample
is not the subject of our study, and rather our aim is to introduce a MFI for highly precise SRT
dosimetry. MFI features high correlation with RPE cell deaths, a large detection bandwidth
and a simple fiber-based implementation. Based on these features, we believe that MFI has
the potential to be utilized for automated SRT dose control. MFI output can be acquired and
processed in real time, and as soon as a CCI reaches a certain threshold, the treatment laser
can be programmed to stop automatically. The threshold can also be pre-set or adjusted by
the clinician to avoid undesired photocoagulation and damage to healthy tissue. Based on the
demonstrated performance, our method may be used as a complementary means to existing SRT
dosimeters. For instance, the method may be used jointly with a PA detector, thus cross-validating
the formation of micro-bubbles and RPE cell deaths. Its application in preclinical studies is
underway.
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